In this work we analyzed the response of a stenotic trachea after a stent implantation. An endotracheal stent is the common treatment for tracheal diseases such as stenosis, chronic cough, or dispnoea episodes. Medical treatment and surgical techniques are still challenging due to the difficulties in overcoming potential complications after prosthesis implantation. A finite element model of a diseased and stented trachea was developed starting from a patient specific computerized tomography (CT) scan. The tracheal wall was modeled as a fiber reinforced hyperelastic material in which we modeled the anisotropy due to the orientation of the collagen fibers. Deformations of the tracheal cartilage rings and of the muscular membrane, as well as the maximum principal stresses, are analyzed using a fluid solid interaction (FSI) approach. For this reason, as boundary conditions, impedance-based pressure waveforms were computed modeling the nonreconstructed vessels as a binary fractal network. The results showed that the presence of the stent prevents tracheal muscle deflections and indicated a local recirculatory flow on the stent top surface which may play a role in the process of mucous accumulation. The present work gives new insight into clinical procedures, predicting their mechanical consequences. This tool could be used in the future as preoperative planning software to help the thoracic surgeons in deciding the optimal prosthesis type as well as its size and positioning.
Introduction
Tracheal stenosis, which is the most common tracheal injury [21] , is usually caused by a tracheotomy intubation with unsuitable pressure. Prolonged ischemia and infection causes necrosis of the tracheal wall and deterioration of the cartilaginous structure through the formation of granulation tissue. This granulation may lead to the collapse of the tracheal wall [21, 29] . Tracheal collapse frequently affects the entire trachea. The sequence of events that leads to laryngeal and upper tracheal stenosis in adults involves ulceration of the mucosa and cartilage, inflammatory reactions, fibrous tissue formation, and contraction of fibrous scar tissue [29] . The stenosis may be congenital or may be a complication of tracheal intubation or tracheotomy [51, 59] . Many methods are available to deal with tracheal stenosis such as tracheal dilation, excision of stricture and anastomosis (end-to-end joining after resection of a tracheal part), or reconstruction but, after treatment, the stenosis may reappear especially in cases of serious pathologies [6, 20, 29] . A clear understanding of how the implantation of a prosthesis affects the response of the trachea is challenging. The analysis of these aspects using a computational approach may improve surgical outcomes by studying a more convenient prostheses design and/or determining the stent positioning before surgery. In fact, although after prosthesis implantation patients gain around 50% of breathing capability, other problems may take place because of the increased rigidity of the tracheal wall due to the presence of the prosthesis [51, 62] , such as coughing difficulties, stent migration, inflammatory granulation tissue, and formation and obstruction secondary to the interference with mucociliary clearance [62] . In particular, silicone stents have a small inner diameter due to its thick wall; thus increasing the risk of mucous plugging [62] . For this reason, a better understanding of the healthy and pathological tracheal flow and of the distinct features of tracheobronchial stents through numerical analysis may be necessary to improve clinical outcomes. Despite the clinical importance of the prosthesis implantation, we could not find any previous work on respiratory flow through stented tracheas. Moreover, a clear understanding of the causes and consequences of the stenosis has not yet been reached. In previous studies [48, 56] we proposed a tool based on the finite element method to analyze the effect of a prosthesis implantation to the tracheal wall. However, most of the published works on the respiratory system are focused on healthy airways, analyzing the airflow pattern using idealized [27, 66] , approximated [9, 18, 44, 52] , or CT/MRIbased healthy airways geometries [17, 30, 39, 44, 50, 69, 70] . While these studies (both using simplified or real geometries) do not take airway deformation into account [2, 9, 31, 32, 44, 52, 68] , more recently fluid solid interaction (FSI) studies in lower airway geometries were performed for simplified models/geometries, tracheal tube, and single or multiple bifurcations [23] [24] [25] 33, 34, [45] [46] [47] 57, 64, 67] . With regards to tracheal pathologies, Brouns et al. [8] presented a numerical model of a healthy trachea in which different stages of artificial stenosis were imposed, with the aim to understand how different degrees of stenosis affects the local pressure drop. Cebral et al. [10] showed how virtual bronchoscopy can be used to study anatomically realistic airway models while Sera et al. [58] investigated the mechanism of wheeze generation with experiments conducted on a rigid and a distensible realistic CT-based tracheostenosis model. In particular, they evaluated the airflow turbulence intensity in the left and right main bronchi.
For all mentioned CFD and FSI simulations, the choice of the boundary conditions is critical. While using appropriate inlet velocity or flow conditions at the entrance of the trachea, numerical studies only roughly approximated the impedance of the peripheral bronchi to the airflow through the respiratory system at the outlets by means of time-dependent [52, 64] , zero-pressure [39, 40, 42] , or simply outflow conditions [7, 39, 52] . In the area of lung impedance there was considerable work, even commonly related to 1D transmission line models [61] . Recently Wall and co-workers analyzed the impact of impedance-based conditions on human lungs, modeling the airflow by means of a symmetric and an asymmetric structured tree to represent the nonimageable geometry of the bronchi [11, 12, 65] . In particular, Comerford et al. [11, 12] focused their works on the importance of considering physiological impedance-derived pressures for simulating healthy and diseased lungs under normal breathing and mechanical ventilation conditions. On the contrary, the work of Elad et al. [16] proposed a nonlinear lumped-parameter model to study the dependency of airflow distribution in asymmetric bronchial bifurcations on structural and physiological parameters. In a previous a study [47] we applied the impedance method to evaluate stresses and strains as well as flow patterns for patient specific healthy and stenotic tracheas. In addition, we showed the importance of using FSI analysis not only for computing wall stresses and deformations but also for evaluating the flow through the airways; a comparison between CFD and FSI showed in fact different flow patterns in the trachea and main bronchi. This work extends the previous analysis to a stented trachea and it is focused on tracheal behavior at inspiratory and especially at expiratory flow that is crucial for stenting migration and mucous plugging [41, 62] . For this reason, starting from patient-specific diseased and postoperatory spirometries, we computed structured tree impedance-based outflow conditions through the method developed by Olufsen et al. [53, 54] and extended by Steele et al. [60] for cardiovascular system, in order to correctly compute deformations, stresses, and strains on the tracheal wall before and after prosthesis implantation. Standard traction free conditions or imposing the airflow are in fact unsuitable for FSI analysis where pressure information is required to correctly consider the wall compliance. In particular, the aim of this study is the analysis of the impact of a prosthesis on the tracheal walls, especially on the muscle deflections. In the future the presented simulations may improve stenting design and help surgical decisions, for instance the choice of prosthesis type and/or its positioning.
2 Modeling and Governing Equations 2.1 Vascular Reconstruction and Numerical Grid Generation. The finite element model of the diseased and postoperatory human trachea was reconstructed from CT images corresponding to a 56 years old patient before and after surgery using a commercial software MIMICS V C (Materialise Technologielaan, Leuven). In Figs. 1(a) and 1(b) the considered patient-specific models are shown. An IGES file of the segmented geometries was created to construct the associated computational grids. For both geometries, a full tetrahedral element mesh was generated using the commercial software IcemCFD V C (Ansys Inc. Software) and Femap (Siemens PLM Software, Plano, TX). The geometry and mesh of the trachea after surgery were created starting from medical images after insertion of a Dumon (Dumon Silicone, Novatech) prosthesis [15] [see Fig. 1(b) ]. This prosthesis is a radio-opaque silicone tube with a smooth inner surface which dimensions are in this case: length ¼ 100 mm, diameter ¼ 10 mm, and thickness ¼ 2 mm [see Fig. 1(c) ].
The total number of tetrahedral elements was around 200,000 for all geometries. Generated grids provided boundary layer refinements. As in the previous study [47] , we carried out a mesh sensitivity study to ensure that the results were insensitive to the computational grid size. Velocity profiles at inspiratory peak flow were studied for both models to ensure that the results at the highest Reynolds number were grid independent. Convergence between consecutive grid sizes was obtained when the relative difference between two consecutive meshes was less than 3%. Selected mesh for both models satisfied these conditions. À5 kg=m s) [9] and incompressible under unsteady flow conditions. Flow was assumed turbulent for the analyzed cases since the Reynolds number at peak flow (Re stenosis ¼ 10; 000, Re stent ¼ 15; 000), based on the median tracheal section, was in transitional regime (Re > 2000 [36] ). Turbulence was modeled as in previous study [47] through the k-x model. For further details see [3] .
2.3 Solid Grids and Material Wall Properties. From the CT images, a clear picture of the internal cavity of the trachea was available. With aim to detect the wall geometry, i.e., the outer surface of the tracheal wall, and to distinguish between the muscular membrane and the cartilage rings, a nonautomatic segmentation of the CT scans was accomplished using MIMICS V C . In this way, the internal and external surfaces of the tracheal wall were provided. However, the wall thickness was assumed constant (and fixed to 3 mm) since only slight variations of tracheal thickness were found 071003-2 / Vol. 133, JULY 2011
Transactions of the ASME along the tracheal axis. For the stented trachea, the inner tracheal wall surface was adapted to the external prosthesis surface in order to guarantee perfect adhesion between both surfaces. In addition, each tracheal constitutive part could be detected through its different density (which corresponded to different tones of the grayscale). Further details of this procedure are given elsewhere [45] [46] [47] 63] . Finally, with the commercial software ABAQUS V C (Dassault Systemes SIMULIA), a full hexahedral mesh of about 90,000 elements for the stenotic and stented trachea was generated. In Fig. 1 these grids are shown. The stenosis, which is a rigid fibrous cap surrounding the internal tracheal wall, due to its irregular and asymmetric geometry was meshed with about 40,000 tetrahedral elements.
Laryngeal and tracheal stents are solid or hollow absorbable or nonabsorbable tubes of various shapes, sizes, and materials whose mission is prevent the trachea from collapsing. As already mentioned, in this study we modeled the radio opaque silicon Dumon stent [15] . This was meshed using 50,000 tetrahedral elements.
The properties of the different tissues of the trachea were analyzed and numerically modeled through different experimental tests described in previous studies [45, 63] . Here we will provide only a short explanation. Human tracheas were obtained through the autopsy from two subjects (aged 79-82 years) and subjected to different tensile tests to obtain the material models [63] . As in previous works the cartilaginous rings were modeled as isotropic material [45, 63] . Since there is no preferential orientation, a neoHookean model with strain density energy function (SEDF) W ¼ C 1 ð I 1 À 3Þ was used to fit the experimental results. Regarding the smooth muscle, and taking into account that the histology showed two orthogonal fiber families, in order to introduce the anysotropy due to the two orthogonal family fibers, the Holzapfel SEDF [26] was used:
where C 1 is the material constant related to the ground substance, K i > 0 are the parameters which identify the exponential behavior due to the presence of two fibers families, and D is the tissue incompressibility volumetric modulus. The invariants I ij are defined as
where a 0 is a unitary vector defining the orientation of the first family of fibers and b 0 the direction of the second family both in the reference configuration.
C is the modified right Green strain tensor defined as C ¼ J 1=3 C, being C ¼ F T F; F the deformation gradient and J ¼ detðFÞ. In Table 1 a summary of the material constants used for the different tissues is shown. For further explanations see [45, 63] .
As in previous study [47] , the constitutive properties of the tracheal stenotic tissue was modeled as hyperelastic material, in which we assumed an increased stiffness of about two times with respect to the muscular membrane. Finally, the silicon stent was modeled as an isotropic elastic material. In Table 1 the parameters used to define the constitutive models are summarized.
Numerical Method.
The fully coupled fluid and structure models were solved through the commercial finite element package ADINA (v8.5, ADINA R&D, Inc.). The coupling fluidstructure features were explained in detail in previous studies [45] [46] [47] [48] 53 ] so that here we will provide only a brief summary. The finite element method (FEM) is used to solve the governing equations. The FEM discretizes the computational domain into finite Journal of Biomechanical Engineering JULY 2011, Vol. 133 / 071003-3 elements that are interconnected by element nodal points. The fluid domain employs special flow-condition-based-interpolation (FCBI) tetrahedral elements, available in the software [3] . We used the formulation with large displacements and finite strains in the FSI calculation available in ADINA. As iterations we used a full Newton method with a maximum of 500 iterations in each time step of 0.0001. A sparse matrix solver based on Gaussian elimination is used for solving the system.
2.5
The Impedance-Based Method. In a previous study [47] we described in detail how to apply the impedance method to the human lungs. So in this section we only provide a short explanation. As in that study, in this paper, we used the approach used by Steele et al. [60] which extended the fractal network through a three tiered binary tree. The airways are modeled as compliant segments using the linearized 1D continuity and momentum equation (see [53, 54, 60] )
where p is the pressure, A is the bronchial cross sectional area, and q is the flow rate in the x direction, and
where u x is the velocity in the x direction, t is time, p is pressure, q is the density, is the viscosity, and r is the bronchial radius. In this 1D model we predicted impedance and pressure waveforms which were applied to the 3D tracheal model as outflow conditions. Equations (1) and (2), as explained later [see Eq. (5)], were coupled into an expression for the impedance Z using the Womersley solution of an oscillatory flow in a cylindrical tube. The binary model consists of two parts: the trachea and the right and left bronchi. In the main bronchi a relationship between flow and pressure represents the outflow boundary conditions for the trachea. In both trachea and bronchi the air flow and pressure were calculated using the incompressible axisymmetric NavierStokes equations for a Newtonian fluid. A fractal network for each main bronchus was built prior to the impedance computation based on the radius of each respective bronchus. Once these two binary trees are created, two pressure waveforms are computed using the method developed by Olufsen et al. [53, 54] . These pressures are later applied at the outlets of each FSI model. Each parent bronchus bifurcates into two daughter bronchi following a scaling guided by the asymmetry factors a and b of the root parent r root , according to Eqs. (3) and (4)
For a and b we used the values summarized in Table 2 which were used also in previous studies [47] . The values of a and b (see Table 2 ) were estimated using values found in literature [28, 35, 66] . These values slightly vary along the tree and show good agreement with those used by Comerford et al. [11, 12] for a healthy trachea. Lastly, the value of the param- [28, 36, 38, 66] .
Impedance was computed in a recursive manner starting from the terminal branch [54, 60] of the structured tree and used as the outlet boundary condition for the tracheal left and right bronchi. The details of the recursive calculation are given elsewhere [47, 53, 54, 60] . Input impedance was evaluated at the beginning of each airway daughter z ¼ 0 as a function of the impedance at the end of the airway daughter z ¼ L:
not varied along the tree. We assumed that E ¼ 3:33 MPa was constant at any location of the fractal network. The wall thickness was finally varied along the tree as a function of the branch radius. Its values were estimated based on the literature data [19, 27] . In Fig. 2 In both geometrical models we counted the effect of the laryngeal jet on the tracheal flow [8, 13, 37] , extending and modifying the trachea to simulate the larynx so that the inlet velocity profiles resulted biased towards the rear wall [37, 42] . In addition, through these extensions, fully developed flow is assessed at the entrance of the diseased and stented trachea. The outlets of both models were also extended in order to apply the computed pressure waveforms. In particular, considering that the geometries were truncated at the first generation and applying uniform spatial pressure distributions, 10-diameter extensions were added to each model outlet. At the tracheal internal wall, which represents the fluid-solid interface, a typical no-slip condition was applied. For this first study we assumed that the stent is in perfect adhesion with the tracheal wall. Although an assumption, this is physiologically acceptable since the external diameter of the prosthesis is chosen to be higher than the inner tracheal diameter. Finally, as in previous studies [33, 45] , the movement of the solid mesh of the trachea was constrained by fixing the inlet and outlet surfaces rotations and axial translations, allowing only in-plane movement of each section. Table 2 Parameters used to describe the three-tiered structured tree. Scaling parameters are varied along the tree.
Level
Radius While in a previous study [47] we showed the inspiratory flow for healthy and stenotic tracheas, in this work we compare the inhalation and exhalation flow of a trachea before and after prosthesis implantation focusing our attention especially on the exhalation phase. Results will be showed at peak flow of the forced inspiration and expiration which are the most significant instances. For the same reason, results of the tracheal wall behavior will be analyzed at the same time points.
Inhalation and Exhalation Flow in the Trachea
Before and After Prosthesis Implantation. Inspiratory flow for stenosed trachea was already explained in detail in a previous study [47] . Here we will provide a comparison with the stented trachea. The airflow before the stenosis presented a strong axial flow between entrance and constriction region. The geometry of the stenosis created a dead fluid zone before the bifurcation (see [47] ) which provoked a longitudinal vortex. This partially blocked the airflow [see Fig. 3(a) ]. As shown in Fig. 4(a) this flow field creates a high pressure drop between the trachea entrance and the stenosis which value is around 500 Pa. The computed value is ten times higher with respect to values found in literature [7] . This is basically due to the stenosis degree of the considered model which is of about 70%. Brouns et al. [7] evaluated the pressure drop of different stenotic degrees (from 50% to 90%). They found lower values with respect to this work, even using 90% of constriction degree. However, they use a CFD approach and a trachea-like tube model. On the contrary, in the present study the tracheal walls are extensible. These different approaches could lead to different fluid patterns and pressure distributions as demonstrated in other studies [47, 58] . The trachea after surgery on the contrary, is characterized by an axial flow crossing the stent [see Fig. 3(b) ].
Physiological pressure values are re-established after prosthesis implantation; however, the fluid flow presents some recirculatory regions characterized by low velocity due to the presence of the prosthesis. This is especially relevant during exhalation as it will be explained later.
As documented in previous studies [42, 58] , the exhalation flow is regulated from the two daughter airways. Two different airflows, coming from the main bronchi, join at the bifurcation. For the diseased trachea, at the constriction, the airflow velocity reaches very high values (25 m/s), as shown in the Fig. 3(c) . In addition, the air flowing out the stenotic region causes a recirculation before the larynx. The stenotic jet is in fact skewed due to the geometry of the diseased trachea [see Fig. 3(c) ]. For this reason a high pressure gradient is indicated before and after the stenotic area as shown in Fig. 4(c) . The pressure distributions shown in Figs. 4(a) and 4(c) revealed almost the same pressure values on both bronchi. This is basically due to the computed pressure waveforms (see Fig. 2 ) which are very similar for the left and the right bronchus. This can also be clearly seen in the stented trachea pressure distribution [see Figs. 4(b) and 4(d) ]. Furthermore, the considered models only show one bifurcation. The flow in the daughter tubes is influenced by the absence of more bronchial generations while the pressure distribution is surely affected by this fact. For these reasons, perhaps the impedance approach could have a stronger impact than what we found for a one-generation model in more complex models considering many bronchial generations with different radii.
The high speed jet (18 m/s) crossing the stent causes a recirculation at the top of the prosthesis, near the tracheal wall [see Fig.  3(d) ]. As already discussed in the introduction of this work, mucous plugging and, more in general, airways obstruction due to prosthesis are typical complication of stenting implantation among others, as documented in literature [20, 62] . In particular, the Dumon stent can be affected by mucous obstruction due to its thick wall and small inner diameter [41, 62] . Our hypothesis after the performed simulations is that, even if the patient acquires part of the lost capacity of inspiration and expiration [compare spirometries in Figs. 2(a) Transactions of the ASME trachea. The vorticity field of the stenotic geometry was in fact analyzed in previous work (see [47] ). In comparison, we can see that the vorticity field of the stented trachea at the same phase of respiration is almost uniform with exception of the top and bottom regions of the stent [see Fig. 5(a) ]. In these regions the modulus of the vorticity is high. A similar situation is visible during exhalation [see Fig. 5(b) ]. High vorticity is identifiable also at the end of the upper part of the stent due to the recirculation in these regions. In the main bronchi, lower vorticity values are revealed. The depicted maximal vorticity values are lower than those reported in other studies [1, 22] because of the normal breathing inflow conditions used in those studies compared to the forced respiration adopted in the present work. Moreover, in the present study, diseased and stented trachea are presented while in the cited studies a healthy trachea is analyzed. For the simulation after prosthesis implantation no particular vortex structures are identifiable (vorticity values are low through the stent axis), mainly due to the strong axial flow through the stent. Near the superior ending of the stent higher vorticity are visible, due to the aforementioned local flow recirculation.
Wall Stresses and Muscle
Deflection of the Stenotic and Stented Trachea. In this section the deflections, the strains, and the stresses undergone in the trachea before and after implantation of a prosthesis are shown and compared. The comparison is performed at peak flow during inspiration and expiration. As documented in literature [43, 45, 47] , in healthy condition, during inhalation and exhalation the tracheal muscle expands and contracts respectively to allow the airflow enter and retract. The muscle deformation of the stenotic trachea during inspiration and expiration is shown and compared with that of the stented trachea in Fig. 6 . We found that the trachea showed more deflection before prosthesis implantation. This is due, as expected, to the rigidity of the stent (see also Fig. 7) . Such an aspect is enhanced especially during exhalation (Fig. 6, bottom) . The stented trachea during expiration allows the deflection of the muscle only at its bottom (see Fig. 6 , right) while muscular displacements were higher for the stenotic geometry. During inspiration the muscular membrane expands increasing the tracheal section. For the stenosed geometry we can see that the expansion is located almost at the superior part due to the stenotic narrow section which limits the entering airflow. On the contrary, the trachea after prosthesis implantation shows the muscle deflection only at its inferior part. This means that large part of the muscle is still prevented from displacements after the stent implantation and the location where the tracheal section increases has simply moved. However, in this case the deflected area is larger than that of the stenosed trachea (see Fig. 6, top) . During expiration, in both models, the muscular membrane contracts, decreasing the section of the trachea, but this process is restrained by the stenosis itself and by the prosthesis in the post-operatory trachea. The stenotic fibrous cap absorbs most of the load restraining partially the cartilage contractile capacity. A stress gradient is visible on the fibrotic cap (see Fig. 7 , bottom left). This is due to the elevated pressure drop at the constriction [see also Fig. 4(c) ]. While the muscle and the cartilagineous rings tend to contract at expiration, the fibrotic cap absorbs this load. The stenosis contracts especially at its inferior part, where the pressure is high (in modulus) so that in this region elevated values of stress are shown (see Fig. 7, bottom left) . On the contrary, the presence of the stent totally restrains the cartilage contraction in the region where the stent is in contact with the muscle (see Fig. 7, bottom right) . After surgical implantation, the tracheal muscle is still not free to contract and its behavior changes with respect to the healthy patient documented in previous works [45] [46] [47] . During inspiration (see Fig. 7, top) , for the stenotic geometry, regions with higher stress are located at the superior part due to the aforementioned presence of the stenosis narrow section. On the contrary, the most stressed regions of the stent are the top surface and the regions around the stent border. This is due to the inspiratory flow itself and its impact to the prosthesis. This aspect could have negative consequences for the patient. As documented in other works in fact, inflammatory granulation tissue formation is a commonly reported complication [21, 62] . The initiation of this process is due to the interference of the prosthesis top and bottom surfaces with the tracheal walls. Inflammation of the cartilage can lead to re-stenosis as documented in [20, 21, 29] .
In Fig. 8 the maximum principal stresses of the tracheal cartilagenous rings are shown and compared for both simulations during inspiration and expiration. The stress distributions are very similar for both simulations as evidenced in Figs. 8(a)-(d) . At inspiration [Figs. 8(a) and 8(b)] we can see that the cartilage rings are in tension in the upper part of the trachea while the situation reverts for the stented geometry for the same reason as explained previously (it is connected to the expansion/contraction of the smooth muscle). Looking at Figs. 8(c) and 8(d) the comparison of the deformation of the cartilage rings between stenotic and stented tracheas at expiration showed that these decrease their sections only partially with respect to the healthy trachea as we reported in previous studies [45, 47] . In other words, their contractile function is prevented. Both simulations showed that the cartilage rings are in tension and the maximum stress is 4.5 kPa. In addition, different local stress concentrations appeared in the external surface of the stent.
Comparing the diseased and the stented trachea, higher stresses are clearly evidenced after prosthesis implantation. As a consequence we can add that the prosthesis implantation provokes a reduction of the muscle deflection with respect to the diseased trachea in the tract where the muscular membrane is in contact with the stent. On the other side, the maximal computed displacements are on order of 2 mm at the bottom of the muscle where this is free to move from the end of the prosthesis till the cartilage ring (see Fig. 6 ). For the stenotic trachea this situation inverts. Higher displacements are registered at the top of the muscle, in proximity of the cricoid cartilage while on the bottom the stenotic fibrous cap restrained the muscular membrane. In conclusion, the trachea shows in both analyzed cases a very small decrease in volume of the air flowing out of the lungs in comparison with healthy airways. As a result, even the patient gains part of the lost pulmonar capacity after surgery, as we showed in the previous section and evidenced from the spirometry, post-surgery problems due to higher stress on the tracheal wall may take place. Moreover, the muscular membrane is still restrained after surgery. Post-operatory problem due to prosthesis implantation were reported also by [41, 51, 62] . Other studies [14, 49] demonstrated that different behavior of the trachea, especially during mechanical ventilation after prosthesis implantation, can drive to mechanical differences of the tissues in the long term. In this sense, the presence of higher stresses in the trachea can confirm this hypothesis.
Study
Limitations. This study, although contributing to the understanding of the response of a diseased trachea after a prosthesis implantation, presents some limitations. First of all, the patient-specific tracheas, consider only the first bronchial generation neglecting the peripheral vessels which can affect the presented results. The imposed pressures at the outlet can in fact somehow force the flow in the bronchi, even considering the added model extensions. It is well known that the laryngeal flow causes a jet which affects the tracheal airflow. Even we count the effect of this jet through skewed tracheal extensions, a complete model including this part should be considered for future studies.
Applying a uniform velocity profile as well as uniform pressure distributions at the extremities of the models may also strongly impact the flow distributions inside the trachea and the main bronchi. Even considering long branch extensions in the future, more bronchial generations should be added to the numerical models. In the impedance computation, several geometrical approximations were taken. A study of the influence of geometrical parameters of the fractal network on the pressure waveforms (for instance a, b, and l rr ) should be done. In addition, through the impedance computation we imposed zero impedance at alveolar level even though we know that the alveolar pressure is not zero but varies from negative to positive pressures (with respect to the atmospheric pressure) during breathing [36] . In further studies potential changes in the pressure waveforms due to this assumption must be analyzed. Properties of the trachea after prosthesis implantation are assumed to be the same as those of the stenotic patient. In this way we neglect the remodeling which can affect the patient after surgery. However, this is a long term remodeling which consequences are not the object of study of this work. Moreover, there could be differences in mechanical tracheal properties between living specimens and the samples utilized in [63] , but this aspect was not considered in this work. In this way the active response of the tracheal smooth muscle was neglected and left for future studies. Lastly, the presented FSI functional method should be extended and tested to a large number of pathologies, considering also the inclusion of different prosthesis types. In this sense, this is the first step of a future classifying work.
Conclusions
We presented a detailed approach to simulate pre-and post-operative human trachea under impedance outflow conditions. To correctly evaluate tracheal wall stresses, strains, and deflections, as in a previous study [47] , we applied the impedance method which allow the computation of pressure waveforms at the outlet of the 3D domain, modeling the nonimageable vessels of the lungs as a binary network. We found that during inhalation and exhalation the mechanical response of the tracheal muscle is prevented by the presence of the stent and the flow patterns show local recirculatory regions near the top of the stent characterized by low velocity. Our hypothesis is that these regions may play a role in the mucous plugging; even this aspect needs to be further investigated. In particular, the trachea after prosthesis implantation revealed higher stresses in the cartilage rings with respect to the diseased trachea while the smooth muscle is restrained in both simulations. This confirms that after implantation, even the patient gain pulmonary capacity, post-operatory problems take place. The main effect of the stent implantation is to reestablish normal breathing conditions while the tracheal tissues not only does not show any changes but also may suffer an increase of stress respect to its situation before prosthesis implantation. The provided simulations give a first insight into the mechanical consequences of the implantation of a prosthesis which have never been previously studied. In particular, this work may aid initial post-surgery planning. For longer-term planning, the proposed methodology would have to be coupled with remodeling studies. The presented results demostrates that quantification of stresses and deformations as well as flow patterns inside different airway geometries due to different prostheses could be performed before a surgery in order to help the surgical technique and the choice of stent type. This may help in the future of clinical outcomes. Moreover, the analysis of existing commercial stents may be useful for improving stent design.
